Abstract-A 40 × 35 × 25-mm 3 specimen of human breast consisting mostly of fat and connective tissue was imaged using a 3-T magnetic resonance scanner. The resolutions in the image plane and in the orthogonal direction were 130 µm and 150 µm, respectively. Initial processing to prepare the data for segmentation consisted of contrast inversion, interpolation, and noise reduction. Noise reduction used a multilevel bidirectional median filter to preserve edges. The volume of data was segmented into regions of fat and connective tissue by using a combination of local and global thresholding. Local thresholding was performed to preserve fine detail, while global thresholding was performed to minimize the interclass variance between voxels classified as background and voxels classified as object. After smoothing the data to avoid aliasing artifacts, the segmented data volume was visualized using isosurfaces. The isosurfaces were enhanced using transparency, lighting, shading, reflectance, and animation. Computations of pulse propagation through the model illustrate its utility for the study of ultrasound aberration. The results show the feasibility of using the described combination of methods to demonstrate tissue morphology in a form that provides insight about the way ultrasound beams are aberrated in three dimensions by tissue.
degradation from aberration in the propagation path between the imaging probe and the imaged region [3] , [4] .
To understand the way aberration is produced by tissue, an accurate acoustic model of tissue morphology is needed for calculation of ultrasound beam propagation [5] [6] [7] . Previous work in two dimensions utilized stained [8] cross sections of breast, abdomen, and chest wall to map visualized tissue components, i.e., fat, muscle, connective tissue, cartilage, or bone to published acoustic properties [9] [10] [11] of the tissues. Calculation of pulse-wave propagation through the models agreed qualitatively with observed aberration, i.e., time-shift calculations, amplitude variations, and waveform distortion, but lacked quantitative agreement because the measured propagation was 3-D. Since these calculations were performed in two dimensions, efficient methods for the calculation of pulse-wave propagation over a large number of wavelengths in three dimensions have become available [12] , [13] . The combination of accurate acoustic modeling in three dimensions and newly available methods for computation of pulse-wave propagation allows quantitative comparisons of calculations and measurements.
Use of stained sections in three dimensions has been developed [14] and extended [15] to solve problems of cross-section registration, interpolation between cross sections, and variability of stain contrast from cross section to cross section. These techniques allow accurate pulse-wave propagation calculations in three dimensions but the scale of the models is limited by slide preparation techniques in which manageable cross sections are typically only on the order of a centimeter. Using large stained sections of breast is particularly challenging because some sections can contain morphology that can be damaged during slide preparation. Larger scale slices of human anatomy and corresponding images acquired with magnetic resonance imaging (MRI) and X-ray computed tomography (CT) are available from The Visible Human Project [16] and have been used for calculation of ultrasound propagation through breast [17] . However, these MRI and CT data either lack resolution for simulation of clinical-frequency pulse-wave propagation or are restricted to a single dataset that does not allow a complete statistical description of aberration caused by breast because only a single sample of an ensemble is available. Higher resolution images using MRI or CT [18] are obvious choices for further model development but MRI is preferred because CT has poor soft-tissue contrast.
The use of MRI with isotropic high resolution, e.g., between 0.1 and 0.2 mm, to show tissue morphology has scientific merit for other reasons. Resolution in clinical MRI scans is typically about 1.0 mm in plane and 2-3 mm from plane to plane. This order of magnitude coarser resolution does not show breast architecture with the clarity available in X-ray mammograms that, nevertheless, are limited to showing only the X-ray absorption of tissue and the projection of 3-D architecture into two dimensions. In addition to being capable of isotropic high resolution, MRI has the inherent capability of showing weighted combinations of different tissue properties [19] , [20] , e.g., proton density, longitudinal relaxation time (typically denoted T1), and transverse relaxation time (typically denoted T2), by use of various pulse sequences and settings during data acquisition. These weighted combinations can allow visual recognition of tissue types. In addition, signal processing methods such as the analysis of principal components [21] can be used to segment the volume into different types of tissues such as fat, connective tissue, ductal tissue, and fibroglandular tissue in breast.
Segmentation of medical images has been extensively investigated and, consequently, a number of processing techniques are available for use. See, for example, Refs. [22] [23] [24] [25] [26] for extensive treatments of segmentation in medical as well as nonmedical applications. In these treatments, the medical applications typically show the brain, heart chambers, a network of blood vessels, pulmonary pathways, and a skeleton of bones. The applications often exploit contrast difference between the structures being segmented and the background as well as knowledge of geometry. The application of interest here, i.e., to segment connective tissue from a background of fat in a reduction mammoplasty specimen, also uses a difference in contrast. For this application, a number of general techniques based on amplitude and geometry were investigated. The final selection of techniques and parameters resulted from a sequence of repeated trials driven by an expert knowledge of the morphology to be segmented.
Processing MRI data to obtain tissue morphology in a suitable form requires solution of three major problems. The first is that the MRI data may contain signal variation or shading that causes the same kind of tissue to have different amplitude values in different regions. The second is that some features of interest in the imaged volume are smaller than the MRI resolution and their representation is degraded by a so-called partial-volume effect that blurs the structure and reduces its contrast relative to the background. These two problems were solved in this investigation by a combination of initial processing, segmentation using different kinds of thresholding, and visualization using smoothed isosurfaces with transparency, lighting, shading, reflectance, and animation. The third problem is that different tissues may have similar MR responses. This problem was eliminated in this paper by restricting attention to a tissue specimen that was essentially comprised of two types of tissue, fat and connective tissue, that have readily distinguishable MR responses.
This investigation has two primary objectives. The first is to model tissue morphology in a form that is suitable for computation of ultrasound pulse-wave propagation in three dimensions. The second is to compute ultrasound pulse-wave propagation in three dimensions through the model. The described methods extend from two dimensions to three dimensions high-resolution large-scale modeling that allows comparison of calculated and measured data for improved understanding of ultrasound propagation in tissue, wavefront distortion resulting from the propagation, and methods for estimation of aberration.
The presentation is divided into sections. In Section II, the context and specific objectives for the selection of processing methods are outlined. The methods used in the study are summarized in Section III. Results of the study are shown in Section IV. In Section V, the methods and results are discussed. Conclusions are presented in Section VI.
II. CONTEXT AND OBJECTIVES FOR SELECTION OF METHODS

A. Breast Composition and Morphology
The mature female breast has four main subcutaneous components: parenchyma (fibroglandular tissue), ducts, fat, and connective support [27] [28] [29] , respectively. These components are organized into lobules that are grouped together into lobes. On average, a breast contains 15-20 lobes arranged roughly in a wheel-spoke pattern emanating from the region of the nipple. The distribution of the lobes is not even. Fibroglandular tissue dominates in the upper-outer portion of the breast. A tree-like structure of ducts spreads from the nipple through the lobes. The breast specimen used in this paper was obtained from reduction mammoplasty, a surgical procedure that removes fat and avoids the regions with glandular tissue in young female breast. Therefore, the specimen mostly consisted of fat and connective tissue.
B. MRI Data Acquisition
The breast specimen used in this paper was frozen after surgical excision. The described methods are not currently applicable in vivo because clinical MRI scanners require impractically long scan times to obtain the required resolution for calculation of pulse-wave propagation. Before being scanned, the specimen was thawed and a portion cut to fit loosely in a rectangular plastic container with an inner cross section of 46 × 41 mm 2 and a depth of 41 mm. The container was filled with normal saline. Care was taken to avoid air bubbles in the container. The container was centered in a single-loop rectangular RF receiver volume coil made in-house and tuned to the proton resonance frequency at 3 T. The coil dimensions were 55 × 50 × 20 mm 3 , and resulted in a slip fit around the specimen container. The specimen-coil combination was centered in the bore of a 3 -T Siemens Trio MR imager. A 3-D gradientecho pulse sequence called flz3d1 was employed to acquire a sequence of images with a resolution of 0.130 × 0.130 mm 2 from 320 consecutive planes separated by 0.150 mm. Each image spanned 49.92 × 49.92 mm 2 , most of which was occupied by the specimen. However, in the third dimension, the specimen occupied only 160 planes that spanned an interval of 24.0 mm.
C. Pulse-Wave Propagation
The MRI data acquisition was configured to obtain a spatial resolution, sufficient for Nyquist sampling at the wavelength of the highest temporal frequency in the pulse wave that was subsequently propagated through the segmented breast. The temporal-frequency band of the pulse wave was selected to coincide with the pulse-wave parameters that are typically used in an available unique research ultrasound system [30] and to be in the range of clinical ultrasound systems used for diagnostic imaging. The values of the pulse parameters are given in Section III-E.
D. Image Processing Challenges
The selection of data processing methods was driven by the characteristics of the acquired MRI data. Although the in-plane and the plane-to-plane resolution was a small fraction of a millimeter, some features of interest were reduced in amplitude by partial-volume effects as illustrated in Fig. 1 . Also, although a special RF coil was used to acquire data, the coil was relatively uncomplicated and resulted in the detected amplitude of the MR signal from the same kind of tissue varying from region to region throughout the imaged volume more than would have been the case if a phased array coil system were available. High resolution was obtained using the special receive coil with a long scanning time that lasted about 12 h. Because the scan time was long and scanner availability was limited, no attempt was made to calibrate inhomogeneity in the acquisition system. The systematic amplitude variation, or shading, is illustrated in Fig. 2 . Mitigation of these effects along with the need to suppress noise motivated the selection of the preprocessing, segmentation, post-processing, and visualization methods used in this paper.
III. METHODS
Segmentation and visualization of the MRI data consisted of four main steps. First, a nonlinear preprocessing filter was applied. Second, local and global thresholding were used for segmentation. Third, post-processing filters were applied to optimize visualization of the segmented data. Fourth, visualization was accomplished using isosurfaces that were rendered with lighting, shading, and reflectance. Image and video processing were performed using MATLAB [31] , ImageJ [32] , and VirtualDub [33] .
A. Preprocessing (Nonlinear Smoothing)
Nonlinear spatial filtering was used to remove small details not of interest, to connect small gaps in features of interest, and to reduce noise. The filtering was performed on every voxel in the volume by using a multilevel bidirectional median filter [34] . This class of nonlinear filters operates on neighborhoods but, unlike linear filtering, the filtering operation is based conditionally on a statistic (i.e., the median) of voxel amplitudes in the neighborhood under consideration. The selection of a median type of filter for this study was made because this filter class has the desirable properties of reducing noise while preserving sharp edges.
Smoothing was performed independently on each cross section in the volume. Given that MED(A) represents the median value of set A, then, for each cross-sectional element I j,k where j and k are the index rows and columns in the cross section, respectively, the output of the multilevel bidirectional median filter was
A Canny edge-detection filter [35] with a variance of 0.6 was applied to the cross sections after the nonlinear filtering operation to assess the effectiveness of noise reduction with preservation of edges and small details.
B. Segmentation
In the context of the present study, the goal of segmentation was to identify the connective tissue sheets that surround lobules of fat in the specimen. This goal was achieved using a combination of techniques in which voxels with an amplitude equal to or above a given value were assigned to the foreground class and voxels below the given value were assigned to the background class. Separate thresholding procedures were used to form binary images of fine detail and large features. These images were combined (i.e., added together) to form a single binary image of voxel classifications.
1) Thresholding for Large Features:
Large features were identified by global segmentation of the image using Otsu's method to select the threshold [36] . In the Otsu's method, the threshold value is chosen to be the amplitude that results in the minimum of the interclass variance. Partial volume effects and local variations in the sensitivity of the MR imaging process can cause dropouts to occur in these binary images that thin boundaries and eliminate smaller objects.
2) Thresholding for Fine Detail: Fine detail lost in the segmentation of large features may be recovered by applying a threshold to the difference between the original image and the nonlinearly filtered image. Subtraction of the filtered image from the original image is equivalent to application of a high-pass filter that has the effect of emphasizing edges and small objects. The threshold value may, again, be chosen by the Otsu's method. In this study, however, the threshold value was chosen to be the mean value m of the amplitudes plus the standard deviation σ. Since the mean value of the data was 106 and the standard deviation was 10 when the data ranged from 0 to 255, the threshold for fine detail was 116. This value is about 10% greater than the value of 105 yielded by the Otsu's method. The use of a threshold given by m + σ produced better results than the threshold given by the Otsu's method.
Therefore, the implementation of the fine detail segmentation method in this study consisted of the following steps:
1) application of a multilevel bidirectional median filter to the original image; 2) subtraction of the filtered image from the original image; 3) segmentation of the difference image using a threshold given by m + σ; 4) inversion of the segmented image.
Finally, homogeneous subvolumes, known as objects [37] , of the segmentation were found and those with a size smaller than 64 voxels were eliminated. A combination of the morphological procedures of dilation to grow structures and erosion to thin structures [37] was applied. Dilation improved continuity of the sheet-like membranes of connective tissue, and erosion suppressed artificial enhancement of subresolution features.
C. Visualization
Isosurfaces, smoothed by application of a Gaussian-shaped linear antialiasing filter that was based on a deformable level-set model [38] , [39] using a kernel size of 5 × 5 × 5 voxels and a standard deviation of 0.5 voxels, were used in this study to visualize the volume of the segmented breast data [38] because the specimen in this study consisted of only two tissues, adipose tissue and connective tissue, respectively. However, because the structure of connective tissue is complex, specialized display techniques were used to enhance appreciation of the tissue architecture. These techniques consisted of transparency, lighting, shading, and animation [40] [41] [42] . Transparency values between 0 (totally opaque) and 1 (totally transparent) were tried. Lighting was employed with rays from sources positioned at azimuthal and polar angles of 80
• and 130
• , respectively. A Phong shading model [43] was used to characterize an isosurface by three types of light: ambient, diffuse, and specular, respectively. Values selected in this paper for Phong shading parameters were 0.3, 0.8, and 0, for the ambient, diffuse, and specular strengths, respectively.
After segmentation and visualization, the cross sections and volume animations were visually assessed for their verisimilitude. The assessment was used to adjust parameters in the segmentation and visualization. These adjustments consisted mostly of changes to show the connective tissue septa with an appropriate thickness and to reduce visualization artifacts in the isosurfaces.
D. Summary of the Steps Used to Process and Visualize the Breast Data
When all of the processing steps are combined, the following procedure is obtained:
1) visual inspection of MRI data; 2) interpolation to correct for the anisotropic resolution in the volume; 3) noise reduction using a multilevel bidirectional median filter; 4) segmentation using the described procedure that preserves fine detail; 5) labeling 3-D objects and elimination of very small objects; 6) application of dilation and erosion filters to connect gaps in surfaces; 7) visualization using isosurfaces, lighting, transparency, and animation; 8) assessment of the results. In steps 3, 4, and 5, that require specification of the medianfilter neighborhood size, the segmentation threshold, and the small object size, user interaction is needed. Nevertheless, guided segmentation is appropriate for this research-oriented tool. This interaction facilitates consultation with a breast pathologist to establish an essentially ideal correspondence of the model and histology.
E. Calculation of Ultrasound Propagation Through the Model
The segmented breast volume was used to construct an acoustic model of the breast specimen by assigning values of sound speed, density, and absorption to voxels corresponding to fat and connective tissue. In fat, the zero-frequency value of sound speed was 1.481 mm/µs, the target value of absorption was 1.3 dB/cm at 2.5 MHz, and the density was 0.950 g/mm 3 . In connective tissue, the zero-frequency value of sound speed was 1.625 mm/µs, the target value of absorption was 4.0 dB/cm at 2.5 MHz, and the density was 1.120 g/mm 3 . Two relaxation processes with relaxation times of 40 and 400 ns were assumed to govern the frequency-dependent relation between sound speed and absorption [44] that depends on the zero-frequency sound speed, target absorption, and density at each grid point. To avoid calculating and storing these frequency-dependent compressibilities at each grid point, a time-saving approximation was adopted. Reference values of zero-frequency sound speed, absorption, and density were calculated from volume-fraction-weighted averages over the medium. The reference values were used to compute a single pair of frequency-dependent compressibilities that were used to determine the frequency-dependent compressibility in each voxel by scaling the reference values depending on the values of zero-frequency sound speed, target absorption, and density in each voxel. The breast phantom was resampled using nearest-neighbor interpolation to obtain an isotropic resolution of 75 µm, padded with a zero-absorption fat-like boundary, the same size as the 10-voxel-wide perfectly matched layer (PML) [45] (with nonzero attenuation to suppress reverberations), and then smoothed using half-band filtering [46] to band limit the spatial-frequency content of the medium variations. The resolution was selected to satisfy sampling requirements for propagation of a time-domain pulse with a center frequency of 2.5 MHz and a −6-dB bandwidth of 1.7 MHz. A point source was positioned outside of the computational domain to eliminate the need to accommodate a singularity, and ultrasound wave propagation through the medium was calculated.
The calculation was performed using a 3-D finite-difference time-domain k-space method [12] using a time step of 20 ns (Courant-Friedrichs-Lewy number∼0.4). The breast model after resampling and padding filled a 557 × 451 × 289 3-D grid and required nearly one gigabyte of storage. This large scale along with computational demands of the 3-D fast Fourier transform used to calculate spatial derivatives were satisfied by performing the calculation on a cluster of computers. The cluster [47] consisted of 672 cores with 24-TB storage, 1.3-TB RAM, and a peak performance of approximately 7 Tflops, communicating over a Gb/s Ethernet. Compute nodes each contained two 3.0-GHz quad-core Xeon processors, 16-GB RAM, and 73 GB of local storage. Propagation through the model was executed on 64 cores spread over 32 nodes and required 24 h. The wave field was sampled in three orthogonal planes at each temporal iteration. Two observation planes contained the centrally located origin. The third plane was offset from the origin to the edge of the computational domain just inside the PML to represent a receiving aperture. Time-domain waveforms in the offset plane segment were processed to appear as if they were sampled at 20 MHz in the aperture of a 57 × 57 2-D transducer array with a 0.6-mm pitch, choices motivated by the dimension of the specimen and the specifications of the previously referenced ultrasound system [30] . The transducer waveforms were corrected for geometry associated with the apparent point source location and used to estimate arrival-time and energy-level fluctuations. The arrival-time fluctuation at any given position was defined as the shift in arrival time of the echo at the position relative to a reference position, chosen to be the center position in the reported calculations. These fluctuations were calculated by cross-correlating waveforms received at neighboring elements because echos from a point appear coherent over a length scale that is several times smaller than the correlation length of the aberration. The energy-level fluctuation at any given position was defined as the difference in energy of echos received at the position relative to a reference position, again chosen to be the center position in the reported calculations. Details of the methods used for calculating arrival-time and energy-level fluctuations can be found in [3] A video sequence showing the calculated propagation of the pulse wave through the three orthogonal planes was made. 
IV. RESULTS
The results of noise reduction using a simple median filter and a multilevel bidirectional median filter are illustrated in Fig. 3 . The cross section that was filtered with a 5 × 5-pixel simple median filter shows a greater loss of detail and edges than the cross section that was filtered with a multilevel bidirectional median filter having the same span. As is evident in the figure, application of a Canny edge-detection filter emphasizes this difference between the results obtained with the two nonlinear smoothing filters.
Illustrative results of segmentation based on global thresholding are shown in Fig. 4 . The segmentation was performed after noise reduction using the described multilevel bidirectional median filter. The images show the sensitivity to the values of the threshold and shading results in unsatisfactory segmentation using a single histogram-based threshold. Segmentation based on the described procedure that preserves fine detail is shown in Fig. 5 . In this figure, the difference image was segmented with a threshold value that was chosen heuristically. The contour showing the edge of the specimen has been removed because this contour is unrelated to the intrinsic morphology of the specimen. The sequence of steps used to process the breast data is summarized in Fig. 6 .
The results of Gaussian smoothing shown in Fig. 7 and the results of transparency adjustments shown in Fig. 8 depict morphology comprehensibly. The different views shown in Fig. 9 facilitate further appreciation of the structure. Animation that shows the segmented specimen from a sequence of viewing angles also improves appreciation. This is illustrated in a video that can be seen on a Web site [48] . In the video, two rotations are used, one around a vertical axis and the other around a horizontal axis, to present the segmented specimen from different viewing angles.
Ultrasound pulse-wave propagation through the segmented breast specimen is shown in orthogonal planes at three representative instants in Fig. 10 . Because the entire medium, excluding the PML, is different from the background, scattered waves appear even in the absence of discontinuities in density, compressibility, and absorption. The complete video sequence of the propagation of the pulse wave is shown in a video that can be seen on a Web site [49] .
A subset of waveforms across columns of the simulated aperture is shown in Fig. 11 . Time shifts and amplitude variations as well as wavefront spreading are all evident. No amplitude compensation is applied to the waveforms and because the point source is directly below the center of the array, the amplitudes of the received waves are greater at the center of the array. Table I , all the statistics computed from calculated propagation agree well with Fig. 6 . Segmentation based on a procedure that preserves fine detail and large features. The top row shows, from left to right, a nonlinearly filtered image, an image segmented for fine detail, and an image segmented using the Otsu thresholding. The center row shows, from left to right, the result of using a combination of thresholding for fine detail and the Otsu thresholding for large features, the result of eliminating the specimen edges, and a contrast-inverted image, also without specimen edges. The bottom row shows, from left to right, a labeled contrast-inverted image, an image after eliminating small objects and stray voxels, and an image after the application of a morphologic filter.
statistics from measurements reported in [4] for specimens of human breast with comparable thickness and morphology.
V. DISCUSSION
A. Segmentation
Trials were performed to remove shading in the MRI data set by using the rolling ball algorithm [50] and homomorphic filtering [51] . Neither method was satisfactory. Results of these trials and comparisons with the methods described in the present report are in [52] . As also shown in [52] , trials with singlelevel median filtering were ineffective compared to multilevel bidirectional median filtering for simultaneous noise reduction and edge preservation. Furthermore, algorithms such as global thresholding [37] , snake [53] , livewire [54] , and watershed [37] performed poorly with the shading present in the MRI data used in this study. Segmentation based on a procedure that preserves fine detail reduced the effects of shading. [52] A limitation of segmentation procedures that preserve fine detail is, however, that large features are lost. This limitation was overcome by use of the Otsu's method. In general, the combination of the special procedure for segmenting fine detail and the Otsu's method of thresholding satisfactorily segmented the breast data in this study.
B. Visualization
Direct visualization of binary volumes resulted in aliasing artifacts. Application of a 3-D Gaussian smoothing filter suppressed aliasing and produced surfaces consistent with known morphology of adipose and connective tissues in breast. 3-D visualization of complex structures was enhanced by use of transparency, lighting, shading, and object reflectance. Lighting proved to be the most important of all these techniques.
The described segmentation and visualization methods have other applications beyond their use for calculation of ultrasound propagation to characterize aberration. The methods, for example, may be used to facilitate understanding of complex abnormal morphology of other tissues or separate blood vessels (veins, arteries, and capillaries) in fluorescence microscopy. The methods can also be directly extended to additional tissue classes through recursive application of the methods. However, for any specific clinical application, parameters of the methods need to be adjusted during review by a morphologist. After this, the parameters may be suitable for a series of scans under the same conditions. Because the small and subresolution features are difficult to segment, imaging the breast specimen with higher resolution would facilitate segmentation and improve the results. Additionally, use of a phased array of RF coils to give a more uniform amplitude of the same structures throughout the field of view would lessen the need for user interaction and facilitate automation of the processing. Use of different MRI pulse sequences coupled with so-called fat and water suppression is likely a worthwhile way to improve quality of the MRI data.
C. Propagation
The segmentation produces a model of breast with features on a scale larger than about 150 µm. This scale allowed accurate calculation of wave propagation in spite of subresolution features in the specimen. The subresolution inhomogeneities that predominated in the studied specimen are collagenous membranes that support clusters of fat cells. Fat cells have a typical maximum size of about 80 µm [55] and the collagenous membranes are expected to be no more than 5 µm thick. The total power scattered by these subresolution inhomogeneities is much smaller than the total power scattered by the resolved inhomogeneities and contributes to a loss that is accounted for in calculations by relaxation absorption. Because the properties of the tissues in the model are derived [9] from studies of bulk tis- sues that also contain the subresolution inhomogeneities, their effect is included by basing the parameter selection on measured properties of tissues. Additionally, since subresolution scattering has low amplitude, absorption suppresses this component. If a subresolution feature is smaller in extent than a single voxel, elevating the feature to a full voxel is inappropriate because scattering at that scale is proportional to the volume of the scatterer [56] . This artificial enhancement of the scattering amplitude is further enhanced by half-band filtering required to band limit the spatial-frequency content of the segmented breast.
Aberration estimated and shown in Fig. 12 is along paths to the point source. Aberration of the wavefront is comprised of fluctuations in both arrival time and energy level. These fluctuations have magnitudes that are much greater than both time and amplitude increments used in current b-scan imaging instrument beamformers. The aberration can, therefore, severely degrade focusing with the result that point and contrast resolution are poorer than would be obtained in a homogeneous medium. The intuition that time shifts are caused by sound speeds that differ in the path of one part of the wavefront from the path of another part of the wavefront is confirmed by observation of the wavefront [49] as it propagates through the model. The less intuitive presence of changes in amplitude is explained by observing that the path-dependent diffraction and scattering differ from one part of the wavefront to another, particularly, when the wavefront propagates along the length of the inhomogeneity rather than across the inhomogeneity. Compensation for both forms of aberration is necessary to improve focusing in current b-scan imaging and also to obtain the full benefit of resolution improvement that can be realized from the use of expanded apertures. Although the estimated aberration is associated with a single point, the estimate can be used to compensate for aberration in an entire isoplanatic patch, i.e., the region surrounding the location of an ideally formed point source (or focus) throughout which a single estimate of aberration can be used for compensating transmissions and receptions [57] . Since the size of this region depends on the nature of the aberration or propagation path, recalculation of aberration for point sources in a neighborhood would allow determination of the size of the isoplanatic patch.
The method used to estimate arrival-time fluctuations shown in Fig. 12 uses waveforms that are corrected for an apparent source location. Because the source location is estimated, only relative shifts in arrival time can be calculated. This prohibits an absolute calculation of the average sound speed in the tissue that may otherwise be used to characterize the type of tissue in the propagation path.
In Table I , where simulated and measured breast aberration statistics are compared, remarkable agreement is seen in the arrival-time fluctuations. Energy-level fluctuations in the simulations are only slightly less than the measured values.
Averaging by reception with a "large" element smooths the aberration at the element [58] . This highlights the need for appropriately sized elements in an ultrasound system that is capable of estimating and correcting the aberration. The reported k-space calculations of propagation used a spatial step size of 75 µm. Therefore, aberrator correlation lengths on a similar scale can be detected. Although the element pitch used in the simulated aperture was 0.6 mm, the aggregation of received signals over smaller element sizes did not significantly change the measured aberration. This is because the correlation length of the aberration was several times the 0.6 mm pitch used to aggregate received signal. Therefore, the simulated element size was appropriate for the model.
Most current clinical ultrasound systems are capable of transmission at a fundamental center frequency and reception around the second harmonic of the fundamental frequency. The harmonics are produced by nonlinear propagation of the fundamental band of frequencies. Because the harmonic wave builds during propagation, some one-way effects of aberration are reduced by forming images using the harmonic reflections. However, localization of the sources of the harmonic reflections still depends somewhat upon high-quality focusing of the fundamental-band transmission and also on high-quality receive focusing of the harmonic waves that, because the wavelengths are shorter, are even more perturbed by the same scale of inhomogeneities that affect the fundamental-band waves. Since previous studies [59] have shown near-water-path restoration of focusing, and the methods can be applied to reception by using frequency translation at the scattering structures, the methods can be employed to investigate aberration estimation and correction in harmonic imaging as well.
The methods that are presented in this paper can be used for further studies that go beyond the scope of the current presentation. The methods can be used as a test bed for reproducible studies of aberration-correction techniques. Images can be formed with and without estimation and correction of aberration. In these images, contrast ratios calculated for objects, such as cysts, can serve as performance metrics for the imaging algorithms. When the model and 3-D propagation algorithms are used for calculations of transmit focusing with uncompensated and compensated beams, the transmit beam width at the focus will be another performance metric.
VI. CONCLUSION
Data obtained from high-resolution MRI is ideal for modeling tissue morphology for applications such as ultrasound wave propagation studies.
The presented semi-automatic algorithm for expert-guided segmentation of high-resolution MRI data resulted in a model of human breast with acoustic properties comparable to those measured experimentally. For the dataset in this study, nonlinear smoothing with a multilevel bidirectional filter worked well to remove image noise and to preserve edges. A combination of thresholding for fine detail and thresholding for large features performed well as a segmentation technique to mitigate the effects of shading in the dataset. Application of morphologic filters to the segmented volume enhanced the segmentation. Overall, the results show the feasibility of using high-resolution MRI coupled with preprocessing, segmentation, post-processing, and visualization to depict the morphology of breast tissue for the study of ultrasound propagation in the breast.
Excellent agreement between calculated and measured properties of waveforms received in an aperture bolster confidence in the verisimilitude of the model and accuracy of the methods. The current study lays a foundation upon which further studies can be based. In particular, newly emerging clinical ultrasound systems already incorporate 2-D arrays of elements but lack the capability to estimate and correct aberration. The combination of the methods in this paper is suitable for testing aberration estimation and correction techniques for their expeditious incorporation into clinical systems.
